Introduction

C
urrently, up to 4 million bone replacement procedures are conducted annually, with over 50% requiring the use of bone graft materials, a market expected to be worth $U.S. 2.5 billion. This makes bone second only to blood on the list of transplanted materials. Increasing limitations with the supply of bone grafts from the traditional autograft and allograft routes, which themselves contain drawbacks and risks, including the restricted amount of bone removal, additional invasive surgery, risk of infectious disease transmission, and lack of available donors, have elevated the demand for alternative graft materials with properties suitable for clinical use. Bone tissue engineering may provide an alternative solution; however, the development of an in vitro bone tissueengineered substitute capable of integrating into the host has yet to reach fruition.
Interdisciplinary collaboration between the engineering and life science communities, aiming to build upon understanding of the founding principles in each field, seeks to provide mechanically apt biocompatible composites with desired architectures (scaffolds), in combination with bioregulatory factors (chemical and mechanical cues) and/or cells to create tissue ex vivo or induce growth of tissue in vivo (tissue engineering and regenerative medicine). Utilization of scaffolds on their own (cell free) has shown some promise in aiding the regeneration of bone in vivo and providing a solution for the aforementioned unmet clinical need. 1, 2 However, the length of time needed to achieve healing is still substantial as cellular infiltration into the scaffold and conditioning of the microenvironment is a slow process. Multipotent progenitor cells responsible for tissue in-growth and remodeling inherently possess the ability to differentiate along numerous lineages. The cascade of environmental cues (chemical signals, mechanical stimuli, hypoxia, etc.) experienced by these progenitor cells defines the differentiation process and determines the final cell phenotype. Identification of this hierarchal structure of cues and their timing within the cascade is a key focal point of tissue engineering and regenerative medicine research and is beginning to provide an artificial means of growing tissue in vitro that when implanted in vivo yields an accelerated healing time. 3 Alternatively, such bone tissue constructs may provide a foundation for studying various aspects of bone physiology, 4 cell-matrix interactions, 5, 6 mechanotransduction, tumor cell behavior, 7, 8 and bone infection, satisfying the demand for improved physiologically relevant in vitro three-dimensional (3D) culture systems in these fields and thereby potentially providing a means for a reduction in the number of animal-based studies necessary.
Static culturing of progenitor cells in porous scaffolds and maturing them in the presence of differentiation media (chemical cues) along an osteogenic lineage [9] [10] [11] [12] [13] [14] [15] [16] is the most simplistic methodology of developing bone tissue constructs for in vivo implantation. However, this approach neglects the important role mechanical cues play under physiologically relevant conditions in the normal formation, development, and homeostasis of tissues. Biomechanical stimuli have been recognized as an important part of in vivo bone remodeling for almost a century 17 and necessary for stimulating cells to elicit correct cellular differentiation/functioning. 18 The substantial loss of bone during spaceflight 19, 20 or after significant periods of bed rest, 21 where reduced mechanical loading environments are experienced for long periods of time, supports the argument for the importance of biomechanical stimuli in bone homeostasis. Bone is predominately subjected to two forms of biomechanical stimuli that control turnover: strain (predicted levels in vivo for humans <2000 me 22 ), caused by physical deformation, and fluid shear stress (0.8-3 Pa), generated by interstitial fluid movement through lacunae caused by compression and tension under loading. Investigations into the functional response of bone to strainbased loading regimes that cause cellular deformation via hypotonic swelling, hydrostatic pressure, or uniaxial or biaxial strain have been reviewed comprehensively by Duncan and Turner. 23 This review is focused on collating information pertaining to the relationship between fluid shear stress, cellular deformation, and osteogenic differentiation, providing further insight into the optimal conditions for the creation of bone tissue substitutes.
Fluid Shear Stress and Mechanotransduction in Two-Dimensional and Three-Dimensional Systems
Fluid shear stress is created by fluid movement tangential to the face of a surface, for incompressible Newtonian fluids the shear stress will be linearly proportional to the velocity gradient perpendicular to the plane of shear; the proportionality constant equates to the fluid viscosity. The governing equation can be written as
where t ij ¼ shear stress on the i th face of a fluid element in the j th direction; m ¼ fluid viscosity; v i and v j ¼ velocity in the i th and j th directions, respectively; and x i and x j ¼ the i th and j th direction coordinates, respectively. Various experimental setups, parallel plate flow chambers, [24] [25] [26] [27] [28] [29] [30] [31] [32] rotating disc [33] [34] [35] [36] [37] or radial flow devices, 38, 39 cone and plate viscometers, 40 jet impingement 24 systems, and microfluidic apparatus, 41, 42 have been utilized for applying flows in two-dimensional (2D) systems and examining the effect of shear stress on cell monolayers. In 3D systems, fluid agitation is essential in reducing mass transfer constraints associated with concentration gradients at the fluid-construct boundary interface 43, 44 ; it has long been known that diffusion of oxygen and soluble nutrients to the construct core can become critically limited in longer term static cultures as tissue growth and extracellular matrix (ECM)/mineralization occurs, 45, 46 resulting in a necrotic core with an external shell of viable tissue. Numerous bioreactor types have been designed for 3D tissue engineering applications and their roles have been reviewed by Martin et al., 47 spinner flasks, rotating wall bioreactors, hollow fiber membrane systems, and perfusion rigs being the most common. Several perfusion bioreactor styles have been devised to date 43, [48] [49] [50] [51] ( Fig. 1 ). Perfusion appears to offer the greatest benefits as fluid is forced through the entire construct creating a more homogeneous microenvironment, rather than just improving convection at the construct surface. Additionally, the development of complementary nondestructive imaging techniques via microcomputed tomography to monitor mineralization allowing in situ quantitative analysis of mineralized particle size, number, and distribution offers a powerful tool for evaluating the effects of cell type, scaffold material, architecture, or bioreactor flow conditions on the level of osteogenesis. 52 The highly porous scaffolds utilized for bone tissue engineering within these systems would ideally have the potential to be load bearing once incorporated in vivo. However, materials that are superior in terms of mechanical properties are often inferior in terms of biological compliance and thus a trade off has to be made. Currently, biologically superior materials are favored with efforts to increase the mechanical properties a common focus, at least to a point that allows surgical handling without damage. For example, collagenglycosaminoglycan scaffolds developed by Yannas et al.
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FIG. 1. Example of a perfusion bioreactor setup as used in our laboratory to apply biomechanical stimuli (not drawn to scale) with an accompanying enlarged cross section of the scaffold chamber (not drawn to scale). To obtain perfuse flow the scaffold is set within an O-ring that limits the diameter of the flow path to that area in which the scaffold is present. The medium is pumped from the syringe pump, through the scaffold chamber and into the medium reservoir. The rate of fluid flow is controlled automatically by the syringe pump to user-defined levels and the nature of the flow type (pulsatile, steady, and oscillatory) can be determined by setting step changes in the flow, which approximate to sinusoidal waveforms. Image was reproduced from Jungreuthmayer et al. 102 with permission from Elsevier.
are being adapted for bone tissue engineering in our laboratory [54] [55] [56] through incorporation of calcium phosphate or nanohydroxyapatite into the collagen structure and thereby improving the mechanical strength. However, these porous scaffolds still contain highly irregular geometries as a consequence of freeze-drying 57, 58 or salt-leaching 14 manufacturing processes, resulting in nonuniform flow profiles and hence shear stress distributions (with variations greater than one order of magnitude present) even when uniform inlet velocities [59] [60] [61] are applied. This would not be problematic if broad limits are acceptable for the required shear stress to stimulate differentiation along a particular lineage, but may result in heterogeneity of cellular responses if a narrower operating range is deemed specific for osteogenesis. Changing the porosity/geometric architecture of these scaffolds or manipulating the perfusion flow-rate will allow the extent of the biomechanical stimuli experienced by the cells to be controlled to some degree. Techniques such as rapid prototyping or solid free-form fabrication that allows the controlled fabrication of complex geometries with regular pore structures are becoming more commonly applied to the design of tissue engineering scaffolds in recent years, potentially offering a solution to the aforementioned problem of irregular geometries leading to broad shear stress distributions; these approaches/systems have been reviewed in depth by numerous authors. [62] [63] [64] [65] Their lack of uptake to date is primarily a function of the reduced levels of biocompatibility associated with the polymer materials that the scaffolds are constructed from. However, technological advances that allow the rapid prototyping or solid free-form fabrication of biological materials or the generation of composite materials, for example, by lypophilizing collagen into macroporous polymer structures, 52 may see an increase in the use of this technology for clinically driven applications.
Translating the physical force applied at the cell surface into a biological signal is termed mechanotransduction. The mechanisms responsible for mechanotransduction are still an active area of research and have been reviewed in depth elsewhere. [66] [67] [68] Principally two major theories exist. First, responses are based on the regulation of stretch-activated ion channels, where force-induced changes in the plasma membrane result in an influx/efflux of ions into/out of the cell. Second, responses are based on integrin-initiated cytoskeleton deformations. Integrins are a subpopulation of heterophylic cell adhesion molecules, which are major transmembrane proteins connected to the cellular cytoskeleton that cluster at focal adhesion points on the cell surface. They are noncovalently linked heterodimers consisting of a single a and b subunit. There are a total of 18 different a subunits and 9 different b subunits that can combine to form 24 different integrins. Different integrins are linked to an array of signaling pathways whose activation leads to a range of cellular responses. 69 Their role is to bind ECM ligands forming an integrin-ligand bond; the two major integrins responsible for binding to collagen, the largest source of ECM in bone, are a1b1 and a2b1. 69 Resistance to the application of an external force occurs at the point of integrin-ligand bonding, allowing transmission of the force across the plasma membrane into the cell interior, either causing direct deformation of the cytoskeleton or indirect movement of internal organelles, thereby triggering a response. Studies have shown that retention of cytoskeletal tension is necessary for activation of genes involved in osteogenic pathways.
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Cell Attachment: Morphology and Strength in 2D and 3D Systems
Cell attachment morphology has the potential to influence the dynamics of surface-cell-flow relationships and thus impact upon the magnitude of cytoskeletal deformations. For conventional 2D experiments cells are uniformly attached in a manner parallel to the culture surface creating monolayers. Attachment strengths are dependent on surface properties and cellular characteristics, with critical shear stress levels (the shear stress level required to remove 50% of attached cells) typically >1 Pa and increasing toward 100s of pascals, depending on the time frame of shear stress exposure in the study. Numerous groups have shown that increasing the hydrophilicity or wettability of surface materials enhances cellular attachment strength. 25, 28, 30, 31, 37, 41 In addition to the surface chemistry, Deligianni et al. 33 showed that increasing surface roughness aided attachment strength, whereas further augmentation of the adhesion surfaces, by coating with biological ligands, has yielded improvements dependent upon ligand type 24, 27, 35 and proportional to ligand density. 26, 32, 36, 39, 42 Xiao and Truskey demonstrated that maintaining the native conformation of the ligand appears to be advantageous in conferring stronger ligand-receptor bonds 32 in comparison to using linear fragments. From a cellular perspective, cell type, 29 seeding density, 40 length of attachment time before shear force application, 27 and the number of cellular focal adhesion points 39 all influence the ultimate detachment strength. However, if the receptorligand bond is stronger than the matrix, this does not necessarily negate the possibility of cellular detachment in response to shear stress; Engler et al. 34 showed that matrix failure as a consequence of cellular attachment (through increased resistance to flow) can also account for cellular loss. In general, the levels of shear stress required to induce cellular detachment in 2D are orders of magnitude greater than those expected to cause osteogenesis in vivo (0.8-3 Pa) and hence expected to occur in vitro; therefore, cellular loss from in vitro 2D systems through the application of fluid shear stress during osteogenic investigations is not a major concern.
In highly porous scaffolds (3D systems), cells attach to surfaces in one of two morphologies: flatly or bridged 72, 73 ( Fig. 2) . Bridged cells are expected to experience greater level of cytoskeletal deformation at an equal shear stress because they are orientated normal to the flow direction. Quantitative analysis of cell attachment morphology and ratio of morphology types in 3D porous scaffolds has been limited to date. However, McMahon, 73 through confocal microscopy, has suggested that 75% of cells are attached in a bridged morphology and 25% as a flat morphology (for a collagenglycosaminoglycan scaffold of pore size 95 mm and porosity >98%). Values for the attachment strength of bridged cells in porous scaffolds have yet to be published, but one can hypothesize, based on the information gained from 2D systems, that they would be substantially weaker; reduced contact area leading to fewer receptor-ligand bonds, plus an increased resistance to flow, as cells may orientate normal to the flow direction. Additionally, the procedures involved in the preparation of biocompatible scaffolds, such as blending, freeze-drying, and dehydrothermal cross-linking, may alter the conformation of proteins present, reducing potential integrin-ligand interactions. Experimental evidence corroborating this can been seen from published studies; Jaasma and O'Brien, 74 Partap et al., 75 and Plunkett et al. 76 all experienced 40%-50% cell loss at shear forces two to four orders of magnitude (8Â10 À4 to 2Â10 À2 Pa) below the lowest seen in 2D experiments for a 49 h time frame.
If maintaining high seeding levels is deemed important to the success of in vitro bone tissue formation, then either scaffold design will need to ensure that primarily flatly attached cells are present so that knowledge from 2D systems can be directly translated or re-analysis pertaining the operational shear stress range for bridged cells needs to be undertaken.
Flow Application: Type and Timing
Although ex vivo experimental setups aim to mimic the in vivo environment, the use of physiologically relevant flow patterns is nominal, with steady state flow being preferred. When physiologically relevant flow patterns have been explored, comparisons are often difficult as single flow types with respect to no flow controls are studied in individual systems. In instances where flow types have been compared side by side, the consensus is mixed; data from Sharp et al. 77 suggest that pulsatile flow is best for the upregulation of bone sialoprotein (BSP), osteocalcin (OC), and bone morphogenetic proteins 2 and 7 (BMP2/7), and the downregulation of transforming growth factor-b 1 ; Jaasma and O'Brien 74 highlighted that pulsatile flow is best for the upregulation of cyclooxygenase-2 (COX-2), whereas oscillatory flow produces the greatest increase in prostaglandin E 2 (PGE 2 ). There is some evidence to suggest that constant stimulation of cells from biomechanical stimuli, irrespective of flow type, leads to quiescence of the cellular response: cellular desensitization. The continued application of stress results in tolerance of the conditions by the cell, switching off the given response. Rest insertion (or low flow) periods between bouts of higher shear stress (for various flow types) have been explored by a number of authors in an effort to negate cellular desensitization and appears to lead to enhancement in expression of some genes but not others; increased expression levels of osteopontin (OPN), 75, 76, 78, 79 BSP, 78 and PGE 2 74,80,81 were observed (with the exception of the study by Kreke et al., 80 where there was no change compared to continuous flow for these genes), whereas collagen 1 (Col1), [74] [75] [76] 80 alkaline phosphatase (ALP), 75, 76, 78, 79 and COX-2 76 showed no apparent influence from rest insertion. Thus, from the literature reviewed, no conclusive consensus on the influence of flow type can be drawn, but rest insertion appears beneficial for osteoinductive approaches.
The timing of shear stress application is also a critical point for consideration. Cellular responses to shear stress can range from within seconds, as measured by cellular influxes of calcium, [82] [83] [84] to weeks, based on mineralized matrix deposition. 43, [85] [86] [87] The duration and frequency of shear stress required to ensure commitment along a particular lineage is still being ascertained. In the majority of the literature surveyed, an attachment time of 24-72 h was allowed before the application of shear stress. In some instances, dynamic seeding 88, 89 of cells was conducted in an effort to improve cell distribution within the scaffold, followed by either a static period or low flow period to enhance cell attachment strength or increase proliferation (cells may have been cultured in normal or differentiation medium for up to 14 days
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before initiation of the stress). In most cases, however, differentiation medium was only used upon the onset of stress or poststress. Shear stress was usually applied for <48 h in the context of short-term studies or for 7-21 days for longer term studies, with cells being analyzed usually immediately after stress (within 24 h) or after 7-14 days culture poststress in static conditions (Table 1) . Table 1 shows a summary of the above information for studies looking at differentiation of cells toward an osteogenic lineage and additionally includes information relating to the shear stress levels studied, the cell lines used, the bioreactor types employed, and the flow type.
Shear Stress and Osteogenic Differentiation
A wealth of literature exists for nonhuman 70 70 and peroxisome proliferator activated receptor gamma (PPARg) 70 showed upregulation of gene or protein expression as a consequence of shear stress application, whereas its influence was negative or even suppressive for expression of BMP4, 77 COX1, 90 and transforming growth factor-b 1 . 77 The variation in cell types used, culture conditions, and experimental platforms has increased the complexity of prizing out the importance of the role of fluid shear stress; nevertheless, it appears that a range of 0.1-0.5 Pa is most successful, and in some instances, values as high as 2 Pa have yielded positive responses, showing a good correlation with the levels of shear stress expected to occur in vivo (0.8-3 Pa).
For 3D culture, fluid shear stress experiments have been almost exclusively nonhuman 43, [74] [75] [76] 81, 85, 86, 97, 98 cell line orientated, with only a single study using a human 87 cell source (Fig. 3) RunX2, 98 Col1, 97 and mineralized matrix production, 43, 85, 87, 97 can be achieved with shear stresses in the range 1Â10 À4 to 1.2 Pa. The majority of work was focused in the 1 to 5Â10 À2 Pa range, which is at least an order of magnitude below the average for 2D culture and up to two orders of magnitude lower in some cases (other groups [99] [100] [101] have observed osteogenic differentiation within 3D systems but shear stresses were not quantified making comparison of the data unfeasible). These values are also orders of magnitude below those expected to cause differentiation in vivo, suggesting that the influence of ECM and mineralization in vivo may reduce the sensitivity to shear stress, by reducing the levels of cell deformation, as the cell is encased; further studies will be required to determine if this is the reason. As the knowledge space regarding differentiation as a function of morphological attachment type and shear stress is further populated, a clearer indication of the applicable magnitude of shear stress for the induction of osteogenic differentiation of human cells lines, in porous scaffolds, will be derived.
For the induction of osteogenesis, the difference in order of magnitude between 2D and 3D is *10-50 based on the midrange/most common values (0.5 Pa for 2D; 0.01-0.05 Pa for 3D), which ties into computational data produced by Jungreuthmayer et al., 102 where the difference in the magnitude of the von Mises stresses (1.3 mPa for flat cells and 34 mPa for bridged cells) between flat and bridged cells is of the same order (for a scaffold of 120 mm pore size), supporting the idea that the level of cellular (cytoskeletal) deformation may play a key role in controlling differentiation. Previous work by Jaasma et al. 103 has shown that cells can alter their mechanical stiffness in an effort to regulate the impact of cellular deformation and hence mechanosensitivity, in an effort to control tissue structure and function; exposure to shear stresses in the range of 1-2 Pa (in a 2D system) caused an increase in the cell stiffness that was maintained for 70 min postshear. Jackson et al. 104 further showed that this increase in mechanical stiffness was directly related to the cytoskeleton, with the actin cytoskeleton cross-linking proteins alphaactinin and filamin increased in osteoblasts responding to mechanical loading. Thus, it is appears that the cell cytoskeleton is a key component in the transduction of fluid forces to cellular responses.
Shear Stress and Angiogenesis
Bone tissue constructs once removed from the culture environment of the perfusion bioreactor are intended to be implanted into the patient. If substantial growth of tissue has been achieved in vitro, then nutrient deprivation of cells in the construct core may occur once implanted, as vascularization of the construct by the host, which provides a source of oxygen and nutrients, will be time consuming; this does not bode well for a positive clinical result. Potentially, this may be reduced if a vascularized construct can be created in vitro, allowing integration into the host quicker. In addition to bone, mechanical stimuli have been shown to influence the differentiation of other tissues in the body; for example, cyclic distension for the formation of arteries, [105] [106] [107] dynamic compressive loading for the formation of cartilage, [108] [109] [110] [111] and uniaxial strain or axial compression/tension and torsion for ligament growth. 112 Directing cells toward an angiogenic (endothelial cell) lineage using shear stress is no exception. Similarly to bone, nonhuman [113] [114] [115] [116] [117] [118] [119] [120] [121] [122] [123] and human [124] [125] [126] [127] [128] cell lines have been studied, with the source of the progenitor cell lines being different to the bone studies. They almost all exclusively used 2D platforms (artificial capillary tube structures have been considered 2D in this review; a rolled up monolayer). A range of shear stresses between 0.01 and 2.5 Pa were explored, with the majority showing success at the higher end of the scale, >1.2 Pa.
Optimal Culturing Strategy
Perfusion culture for tissue engineering enhances nutrient transport and provides biomechanical cues. The question remains regarding the ultimate strategy for its use. On the 
FIG. 3.
Shear stress levels used in experiments for non-human and human cell lines for the induction of osteogenic and angiogenic lineages. Two-dimensional (2D) experiments relate to the application of shear stress on monolayer cultures using a variety of equipment setups: parallel plate flow chambers, radial flow or rotating disc devices, cone and plate viscometers, artificial capillaries, and microfluidic chambers. Three-dimensional (3D) experiments relate to experimental setups using highly porous scaffolds usually in the context of a perfusion bioreactor. References are located in accordance to the order of magnitude of shear stress applied in the investigation.
basis of the literature reviewed to date, creation of a tissueengineered construct is likely to require two separate seeding phases and flow regimes. An initial phase will dynamically seed a progenitor cell line into the empty construct, providing a well distributed population reaching to the core of the scaffold. An initial static or low flow period for 48-72 h will follow encouraging cell attachment and proliferation. The primary flow regime will be angiogenic inducing in nature, a steady state flow of angiogenic media causing shear stress values an order of magnitude higher than those used for the osteogenic regime, for 3-5 days. Having established a nucleus of cells directed toward a vascular lineage, a second seeding phase, static in nature would be initiated with a new population of progenitor cells. These would be allowed to attach for a shorter period of time, 24 h (as the shear stresses caused by the second flow regime will be an order of magnitude or two lower than that used in the primary regime, and therefore the attachment strengths do not need to be so great). Application of a flow would be within the context of a rest-inserted regime, using osteo-inducing media, causing a shear stress distribution in the range 10
À3
-10 À2 Pa, thereby directing the progenitor cells toward an osteogenic fate. This second regime being applied for a shorter time frame of 24-48 h after which the graft would be implanted in vivo.
Conclusion
Directing the differentiation of progenitor cell lines through the use of a biomechanical cue such as shear stress is not a simple operation. The timing of its application, the flow type, the insertion of rest periods, and the magnitude of the stress itself can all influence the cellular response. It does appear that the use of nonhuman cell lines and 2D experimental apparatus can give indications regarding the trends in relation to some of these variables and provide insightful scientific understanding; however, direct translation to a clinically applicable 3D system for the generation of bone graft substitutes does not appear to be a straight forward undertaking. The future of shear stress-related investigations should clearly be targeted at filling the current void in knowledge surrounding 3D systems; identifying a strategy for creating cell seeded constructs committed toward a bone lineage with the potential for incorporating cells directed along an angiogenic lineage in an effort to further aid host integration.
